Glass capillary microfluidics for production of monodispersed poly (DL-lactic acid) and polycaprolactone microparticles: Experiments and numerical simulations Porous microparticles made from synthetic biodegradable polymers are increasingly being investigated for use in medical, biotechnological, and pharmaceutical applications in areas such as contrast-enhanced ultrasound imaging [1] , controlled drug delivery [2] and cell growth in tissue engineering scaffolds [3] . Ultrasound is among the most popular medical imaging techniques used for visualizing subcutaneous body structures and blood flow [4] . However, with current technology, 20% of echocardiograms are unusable due to low contrast of the images. To address this issue, ultrasound contrast agents (UCA's) are increasingly being used with ultrasound to improve the quality of the images.
UCAs are intravenously administered gas-filled core-shell or matrix type microspheres with a lipid, protein or synthetic biodegradable polymer shell or matrix, which increases the backscattered signal from blood when insonified by low frequency ultrasound waves [1, 5] . Targeted UCA's (TUCAs) may also be used for more specific molecular imaging [6] , where particles are retained on the endothelium at the site of pathology via adhesion ligands incorporated into their surface [7] . TUCAs can be loaded with drugs to provide targeted non-invasive drug release on application of high frequency ultrasound [5, 8] .
Commercial UCAs have a relatively broad size distribution. For example, Optison Ò (GE Healthcare) has a mean particle diameter of 2.0-4.5 lm and a maximum diameter of 32 lm [9] while Definity Ò (Bristol-Myers Squibb Medical Imaging) has a mean particle diameter of 1.1-3.3 lm and a maximum diameter of 20 lm [9] .
The resonant frequency of a capsule is directly related to its diameter. A capsule that is vibrated (using ultrasound) at its resonant frequency responds to ultrasonic excitation much more efficiently than one that is vibrated but not at its resonant frequency. Given that available ultrasound systems have limited frequency bandwidth, it is highly important that capsules have a narrow size distribution. In addition, monodispersed particles distribute more homogeneously in a patient's body, degrade in a more predictable way, and ensure a predictable therapeutic effect. Furthermore, capsules of the same size can supress the Ostwald ripening effect by reducing the Laplace pressure difference [10] . Therefore, there is a strong demand for UCAs and drug microcarriers with controllable size and a narrow particle size distribution. Conventional methods for manufacturing UCAs such as spray drying [11] , sonication or mechanical agitation [12] lead to polydisperse particles, due to the random nature of drop generation and breakup in atomization, mixing and cavitation processes. Monodispersed UCAs can be obtained by differential centrifugation of polydispersed particle population [13] , ink-jet printing [14] , microchannel emulsification [10] [11] [12] [13] [14] [15] , and co-axial electrohydrodynamic atomization [16] , but these processes are either time-consuming and require multi-step processing or complex and relatively expensive. Monodispersed polymer particles can also be prepared using planar flow focusing microfludic devices fabricated in polydimethylsiloxane (PDMS) by soft lithography [17, 18] . In a planar (2D) flow focusing microfluidic device, the dispersed phase jet is forced through a rectangular orifice, where it is broken up into droplets due to high shear and pressure forces from the surrounding continuous phase. In this planar geometry, the dispersed phase contacts the orifice walls at low continuous phase flow rates (Fig. 1) . However, surface wettability of PDMS can change after exposure to organic solvents. For example, extensive hydrophobic wetting of PDMS channels was noticed after exposure to dichloromethane [17] . In addition, due to its softness, PDMS channels are highly deformable.
In this work, monodisperse poly(lactic acid) (PLA) and polycaprolactone (PCL) microparticles with water droplets embedded within the polymer matrix were produced using a novel approach based on emulsification in a 3D (axisymmetric) flow focusing glass capillary device [19, 20] . These particles can be used as intermediate products in the production of UCAs. The main objective was to investigate the effects of phase flow rates and geometry of the device on the droplet and particle size and droplet formation behaviour. In a 3D flow focusing device, the dispersed phase jet is completely surrounded by the continuous phase flow irrespective of the hydrodynamic conditions, due to circular orifice geometry (Fig. 1) . Therefore, the organic phase does not make contact with the orifice and hydrophilic nature of the wall can be preserved [21] . Although glass capillary devices cannot be replicated as those made from mouldable polymers, they are more rigid and chemically stable than PDMS devices, have superior optical properties, low surface roughness and can be fabricated with a wide range of orifice sizes. In combination with the above experiments, we also developed a numerical model so that the drop size can be predicted for the given combination of system geometry, fluid flow rates and physical properties of fluids. The modelling results were used to better understand the mechanisms of drop generation.
Materials and methods

Materials for emulsion preparation
The oil phase in oil-in-water (O/W) emulsions was 1 wt% polycaprolactone (PCL, M w = 14,000 g mol À1 , Sigma-Aldrich, UK) dissolved in dichloromethane (DCM, HPLC grade, Fisher Scientific, UK). The oil phase in water-in-oil-in-water (W/O/W) emulsions was a mixture of 1-3 wt% poly(DL-lactic acid) (PLA, M w = 15,000 -g mol
À1
, Polysciences, Inc., US) or polycaprolactone (PCL, M w = 14,000 g mol À1 , Sigma-Aldrich, UK) dissolved in dichloromethane (DCM, HPLC grade, Fisher Scientific, UK) or 1:2 mixture of chloroform and toluene. 5-10 wt% polyglycerol polyricinoleate (PGPR, E476, Abitec Ltd., New Milton, UK) was added in the oil phase to prevent coalescence of inner water droplets, and 0.1-2 mM Nile red to help in visual identification of the particles. The inner water phase was Milli-Q water or 0.156 wt% lidocaine hydrochloride monohydrate (Sigma-Aldrich, UK). The continuous phase was 5 wt% aqueous solution of polyvinyl alcohol (PVA, M w = 13,000-23,000 g mol
, 87-89% hydrolysed, Sigma-Aldrich, UK), pre-filtered by Whatman Ò Puradisc 30 syringe filters with 5 lm cellulose nitrate membrane. All chemicals were used as supplied. The physical properties of some of the fluids used in this work are listed in Table 1 . The interfacial tension was measured using a Krüss DSA-100 pendant drop tensiometer.
Fabrication of microfluidic device
Microfluidic device was made up of two borosilicate glass capillary tubes where an inner capillary with a circular cross section (Intracel, Royston, UK, inner diameter 1 mm, outer diameter 580 lm) was inserted in an outer capillary with a square cross section (AIT Glass, Rockaway, US, inner dimension 1.05 mm) (Fig. 2a) . One end of the the inner capillary was shaped into a tapering orifice with an inner diameter of 60-300 lm. First, a Flaming/Brown micropipette puller (P-97, Sutter Instrument Co., Linton Instrumentation, Norfolk, UK) was used to produce a sharp tip. The orifice diameter was then increased by sanding the tip against abrasive paper until the orifice with a required size and smooth rim was obtained. A microforge (MF-830, Intracel Ltd., Linton Instrumentation, Norfolk, UK) microscope was used to control the orifice size via a built-in scale (Fig. 2c) . The capillary was flushed with water to remove any glass debris and treated with 2-[methoxy(polyethylenoxy)propyl]-trimethoxysilane (MPEOPS) (FluoroChem, Hadfield, UK) to enhance hydrophilicity of the glass surface. Subsequently, the treated round capillary was partly inserted into the square capillary and fixed in position onto a microscopic slide using epoxy resin adhesive (5-Minute Epoxy Ò , Devcon). Hypodermic needles with polypropylene hub (BD Precisionglide Ò , Sigma-Aldrich, UK) were glued over both ends of the square capillary to act as tube connectors for the continuous and dispersed phase, while the exposed end of the inner capillary was connected to a sampling vial.
Microfluidic experiments
Glass capillary device, placed on the stage of an inverted microscope (XDS-3, GX Microscopes, UK) was connected to gas tight SGE syringes via medical tubing (Fig. 2b) . The continuous phase was pumped through polyethylene tubing, while the dispersed phase was supplied using polytetrafluoroethylene tubing to prevent In the 2D device, the dispersed phase contacts the orifice wall at low continuous phase flow rates and the wall rapidly becomes hydrophobic. In the 3D device, the dispersed phase does not make contact with the orifice at any flow rate conditions and the orifice wall retains its hydrophilic properties. attack from DCM. Each phase was supplied into the device by a separate Harvard Apparatus 11 Elite syringe pump. The droplet formation was recorded using a Phantom V9.0 high-speed camera interfaced to a PC computer (Fig. 2a) . High-speed images were analysed using ImageJ v. 
in which indices w and o denote water and oil phases,t and p are the fluid velocity vector and the pressure, respectively, q and l are fluid density and viscosity, and F ! is the interfacial force. The interface between water and oil phase was tracked using the volume of fluid (VOF) method [22] in which the following convection equation should be solved:
where X is the function of the volume fraction. The implemented surface tension model was the continuum surface force (CSF) postulated by Brackbill et al. [23] . By means of this model, the interfacial tension was calculated and subsequently added to the momentum equation (Eq. (2)) as a source term. The interface unit normal (n _ ) and the curvature (j) are defined as follows: 
Therefore, the interfacial tension force in Eq. (2) can be expressed as:
where r is the interfacial tension between the dispersed and continuous phase.
Solution of governing model equations
For solving the system of equations, the commercial CFD package, namely, Fluent 14.0 (ANSYS Inc.) which is based on the finite volume method [24] was utilised. For this purpose, a model geometry as shown in Fig. 3(a) was constructed using ANSYS design modeler which was subsequently spatially discretised (meshed) by taking advantage of ANSYS meshing application. Hexahedral elements were used with the hexa-dominant meshing scheme. The entire flow domain was then meshed using approximately one million hexahedral cells (Fig. 3b) . Preliminary runs were performed to ensure the independence of flow solution variables from mesh resolution. The lengths of the inlet channels were sufficiently long to assume fully developed laminar flow region for both phases prior to the inception of droplet generation. The outlet channel was constructed sufficiently long allowing the formation of more than one droplet in the region of interest in each run.
A segregated axisymmetric time-dependent solver was used along with the implicit body force formulation. The pressure interpolation scheme was chosen as PRESTO! (pressure staggering options), PISO (pressure-implicit with splitting of operators) scheme was used for pressure-velocity coupling, and the momentum equation is solved using a second order accurate scheme. Wall adhesion of the fluid particles was neglected and, hence, a zero contact angle (h = 0) was used in the simulations. As for the inlet boundary conditions, constant flow rates were applied for oil and water inlets. A pressure outlet boundary condition was implemented at the downstream where the gradients of all variables were set to zero in the normal direction. Non-slip boundary conditions are applied on all of the channel walls. Transient simulation with the method of VOF was conducted to track the pattern and behaviour of water-oil interface and to capture droplets formation. The physical properties of the fluids in Table 1 were used in the simulations. À1 and Q c = 10 ml h À1 , visible satellite droplets were formed between the two mother drops, as shown in Fig. 4(a-c) . The size of the mother drops on the video recordings and simulations was very similar (D d % 240 lm), although the shape of the interface was slightly different. The following mass balance equation can be used for the dispersed phase: Fig. 4(a-c) . Similarly, a good agreement between the experimental and simulation results was achieved for the smaller orifice size, as shown in Fig. 4(d-f) . These results provide the confidence that the developed numerical method is able to accuratelly model the drop generation behaviour in the microfluidic system.
Results and discussions
Numerical simulation of droplet formation and experimental verification
The drop detachment point on high-speed video frames shown in Fig. 4(a-c) is located 0.7D o downstream of the orifice. At t = 1 ms, the tip of the dispersed phase retracted to L % 0.3D o , causing a highly extended thread to collapse from the tip of the dispersed phase finger, leaving a satellite droplet (Fig. 4a) . The tip of the dispersed phase is conical after collapse of the thread, but the interface quickly regains a hemispherical shape due to the action of interfacial tension minimizing the surface area. In the next 8 ms (from t = 1 to t = 9 ms), the tip of the dispersed phase grows until it reaches a maximum width at the entry section of the orifice of W % 0.57D o (Fig. 4b) . In the time interval from 9 to 12 ms, the dispersed phase jet moves downstream, while keeping its width constant at the entry section. From t = 12 ms onward, the necking process occurs, characterised by thinning of the jet and formation of a neck. At t = 21 ms, the necking region is located 0.42D o downstream of the orifice and the flow of the continuous phase stretches the emerging droplet into an elongated shape (Fig. 4c) . The neck ruptures at t = 22 ms to complete the droplet formation process and the whole process starts again. , D o = 250 lm, and t = 21 ms. The maximum velocity of the aqueous phase was observed at the four corners between the inner and outer capillary. The maximum velocity of the aqueous phase inside the orifice was at the entry section due to its minimum cross-sectional area (Fig. 5a ). The average velocity of the aqueous phase at the entrance of the orifice was much higher than that of the dispersed phase causing a viscous drag force at the interface to pull the dispersed phase downstream. The velocity of the aqueous phase decreased at the neck region and then increased further downstream due to a reduced cross-sectional area for the flow caused by the presence of a droplet. A fully developed parabolic velocity profile was established at a sufficient distance downstream with a maximum velocity in the centre of the capillary and insignificant difference in velocity between the droplets and the surrounding continuous phase liquid. The distribution of pressure in the device is shown in Fig. 5b . The pressure inside the droplets was greater than that in the surrounding aqueous phase, due to the interfacial tension. A pressure gradient across the orifice in the direction of flow forced both Fig. 3. (a) The model geometry of flow focusing microcapillary device constructed using ANSYS design modeler and (b) Hexahedral mesh used to discretise the computational domain.
liquid streams into the orifice. In addition, a build-up of pressure was noticeable in the aqueous phase between the emerging droplet and the wall resulting from the high resistance to flow of the continuous phase in the thin annular film that separate the droplet from the wall of the capillary. Similar phenomenon was also observed in planar T-junctions [25] .
Experiments on droplet formation behaviour as a function of fluid flow rates and orifice size
The droplet size and generation rate were precisely controlled by the phase flow rates and the orifice size, as shown in Fig. 6 . It can be noticed that the spacing between the droplets was progressively smaller as they moved through the collection tube, which was due to the decreasing velocity of the continuous phase as a result of tapered shape of the collection tube. In Figs. 6a-d As a result, the drag force was insufficient to stretch the dispersed phase into a long jet, but high enough to keep the droplet size considerably smaller than the orifice size. In addition, the inertial force of the dispersed phase was negligible due to low Q d . In the dripping regime, the resultant droplet size is a result of competition between the drag force pulling the dispersed phase downstream and the interfacial tension force acting in the opposite direction.
This force balance is given by [26] : l c u c D d % D neck r, where u c is the mean velocity of the continuous phase past the droplet and D neck is the neck diameter. The drop size in the dripping regime decreased as Q c /Q d increased, which can be explained by the higher drag force, a behaviour found previously in the formation of O/W emulsions [27, 28] . In Fig. 6c , the droplets were formed in the socalled geometry-controlled [29] or squeezing [30] regime, because Q c /Q d was 3, which was below the lower critical value for the dripping regime and thus, the drag force exerted by the continuous phase was small compared to the interfacial tension force. Under this regime, the jet grows in the collection tube until it occupies almost the entire cross section. To drive the flow of the aqueous phase through a narrow space between the wall of the capillary and the emerging drop, a higher pressure was required in the continuous phase stream. The higher upstream pressure of the continuous phase squeezed the neck until a breakup occurred. The droplet detachment happens once the sum of the drag force and the squeezing pressure exceeds the capillary pressure. As shown in Fig. 6c , the size of the released drop was very similar to the orifice size, which was a feature found previously in planar flow focusing devices [31] . In Fig. 6d , the droplets were formed in the jetting regime, because Q d was above the upper critical value for the dripping regime, although Q c /Q d was within the optimum range. In the dripping regime, the droplet detachment region was within 1.5 orifice diameters downstream of the orifice and was gradually moved downstream as Q c /Q d was increased. In the jetting regime, the detachment region was located at L = 14D o downstream. In this case, the mean velocity of the dispersed phase in the orifice was higher than that of the surrounding aqueous phase (u d = 0.10 and u c = 0.06 m s
À1
). As a result, the drop size is determined by the balance between the inertial force of the dispersed phase and the interfacial tension force; a ratio of these two forces is given by the Weber number of the dispersed phase: À4 and 4 Â 10 À3 in Fig. 6a and b, respectively) , the inertial force is small compared to interfacial tension and the dripping regime prevails. At W d > 0.1 (W d = 0.45 in Fig. 6d) , the inertial force dominates the interfacial tension, leading to jetting. In fact, the sum of all forces acting in the direction of flow must ultimately overcome interfacial tension force to cause the transition from dripping to jetting. Therefore, the dripping-jetting transition is governed by the sum which is within the range of critical Weber number in this work. Fig. 6e -f demonstrate the capability of our device to generate very large or small droplets using relatively small or large orifice size. In both figures, the flow rate ratio was within the optimum range and the Weber number of the dispersed phase was sufficiently low, resulting in the dripping regime and monodispersed droplets generation.
Formation of biodegradable micro-particles by solvent evaporation
Assuming a complete DCM evaporation and 100% encapsulation yield of inner water droplets within the polymer matrix, the particle volume after DCM evaporation is given by: where x p is the mass ratio of non-or less volatile compounds in the droplet phase, q p is the particle density after DCM evaporation, and q d is the droplet density. Non-or less volatile compound means any compound except DCM. From Eq. (6):
where D p is the particle diameter. For the conditions in Fig. 7 . Putting these values into Eq. (7) gives D p = 85 lm. A small difference between the theoretical and experimental value of the particle diameter can be attributed to the release of inner water droplets into the outer aqueous phase during DCM evaporation. A complete release of the inner water droplets would lead to the particle diameter of 67 lm, which means that the encapsulation yield of inner droplets was almost 80%. Fig. 8 shows a relationship between the droplet diameter and particle diameter for PCL particles formed by DCM evaporation from the droplets containing 1 wt% PCL and 5 wt% PGPR in the organic phase. The particle size was significantly smaller when the organic solvent evaporated from O/W than multiple (W/O/W) emulsion, which can be attributed to the presence of inner water droplets within the polymer matrix. The dash-dot lines in Fig. 8 represent the predicted droplet-particle relationship for zero particle porosity (e = 0). The line of zero porosity for multiple emulsion has a higher slope, due to the presence of surfactant (PGPR) in the particle structure. When PCL particles were formed from single emulsion, the particle size was only slightly higher than that theoretically predicted for zero particle porosity, revealing that the particle porosity was rather low. The theoretical gradient of the D p vs. 
where
2340, respectively. A discrepancy between the theoretical and experimental line is significant for multiple emulsion, indicating that the particles formed from multiple emulsion were more porous (e = 62%). Ultrasound-responsive biodegradable particles can be fabricated by freeze-drying these porous PCL particles, followed by loading a gas (e.g. perfluorocarbons) within the pores formed by evaporated water phase. Particles produced in this work can be used for subcutaneous injection. For intravenous administration, the particle size should be 1-5 lm, which means that the maximum size of multiple emulsion droplets should be about 10 lm and the maximum size of the collection capillary should be about 20 lm.
Loading and release of drugs
The inner water phase can be loaded with a hydrophilic drug to achieve a sustained or even triggered drug release into the outer aqueous phase. Fig. 9 shows in vitro release profile of lidocaine hydrochloride (LidHCl) from PCL particles containing 0.156 wt% of LidHCl loaded in the inner water phase. Lidocaine is a hydrophobic local anesthetic but LidHCl is a weakly acidic, hydrophilic molecule which is readily soluble in water at ambient temperature. Lidocaine is widely used in the treatment of both acute and chronic pain, but its performance is limited by the short duration of action. On the other hand, if added in large quantities, lidocaine exhibits a number of harmful side effects, such as drowsiness, tinnitus, twitching, and even seizures. Therefore, there is a strong need for drug delivery vehicles that can release lidocaine over prolonged time, while keeping its plasma concentration at the optimum level [32] . The results show that 26.3% of lidocaine was released within the first 1 h following the particles production, probably due to initial burst as a result of partial release of inner water droplets during DCM evaporation. After the initial burst release, the remaining amount of LidHCl was slowly released over a long period of time, so that only 44.7% of LidHCl was released after 24 h. After 130 h, the drug was almost completely released to the outer aqueous phase with less than 7% of the drug remaining within the particles. These results indicate that controlled release of hydrophilic drugs can be achieved by their encapsulation within water droplets embedded within PCL particles.
Conclusions
We have developed a cheap and reliable microfluidic method for controllable production of biodegradable microparticles based on countercurrent flow focusing in a glass capillary device and Fig. 8 . A relationship between the particle diameter and droplet diameter for PCL particles prepared from droplets containing 1 wt% PCL in the organic phase: d experimental data for multiple emulsion; j: experimental data for single emulsion. Dashed lines are theoretical lines for zero particle porosity, constructed using mass balance equations. SEM images of particles obtained using single and multiple emulsions are also shown. solvent evaporation. The process is suitable for production of monodisperse droplets and particles over a wide range of sizes and does not suffer from surface wetting problems found in planar flow focusing devices [17] . It was attributed to 3D design of the flow focusing orifice and hydrophilic pre-treatment of the glass surface with an organosilane (MPEOPS). Monodispersed droplets were formed in dripping regime which prevailed at Q c /Q d between 5 and 20 and the Weber numbers of the dispersed phase less than 10
À2
. The droplet size was controlled by the fluid flow rates and the orifice size. The particle porosity was tuned by dispersing the water phase in the organic solution prior to emulsification in the microfluidic device. Biodegradable matrix-type polymeric particles with embedded water droplets developed in this work can be freeze-dried and loaded with an inert gas to produce ultrasound contrast agents for medical sonography or molecular imaging [6] . We have loaded inner water droplets with a hydrophilic drug (lidocaine hydrochloride) to achieve a sustained drug release over a period of 130 h. The fabrication process developed in this work can be used for the production of wide range of monodisperse matrix-type microcapsules by emulsification-solvent evaporation [33] , such as solid lipid particles, 3D colloidal assemblies, Janus particles and silica particles.
In combination with the experimental work a numerical model of drop generation in 3D flow focusing devices was developed. The numerical results were compared with the experimental results and a good match was obtained. The numerical modelling was useful to reveal distribution of fluid pressure and velocity in the device and thus to better understand the mechanism of drop generation in the dripping regime. A build-up of pressure was noticeable between the emerging droplet and the wall resulting from the high resistance to flow of the continuous phase and similar phenomenon was observed in planar T-junction devices [25] .
